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H I G H L I G H T S
• Ti6Al4V cellular structures were produced by additive manufacturing and bioactive glass impregnated by press and sintering • This design promotes bone ingrowth into the structure as the bioactive is absorbed and replaced by newly formed bone • The bioactive glass quantity on these structures had influenced the medium pH, greatly influencing the cellular viability • The influence of these structures design on physical/chemical aspects was determined and biologically validated in vitro
G R A P H I C A L A B S T R A C T a b s t r a c t a r t i c l e i n f o

Introduction
Multi-material design is a trending approach for hip implants since it allows the gathering of distinct properties of dissimilar materials, Materials and Design 160 (2018) [95] [96] [97] [98] [99] [100] [101] [102] [103] [104] [105] unachievable by mono-material solutions. The multi-functionality of Ti6Al4V structures impregnated with 45S5 Bioglass (BAG) is guaranteed once Ti6Al4V assures the mechanical stability of the implant and the incorporation and further replacement of BAG for newly formed bone promotes the fixation of the implant and bone ingrowth.
Aseptic loosening is still the major cause of revision surgeries in orthopedic implants, namely those used in total hip arthroplasty [1] [2] [3] . This loss of fixation is due to wear debris and mostly to stress shielding that is a consequence of the mismatch between the Young's moduli of the implant and bone [2, [4] [5] [6] [7] .
Despite the use of metallic materials with lower Young's moduli, for example Ti6Al4V, the mismatch between implant and bone is still about 550% (ratio 5.5:1). Ti6Al4V is frequently used in orthopedic and dental implants since it possesses high biocompatibility and excellent corrosion resistance due to the formation of an oxide layer [2, 8] . However, its bioinertness may result in lower osteointegration [9] . Porous structures made of titanium alloys not only mimic the mechanical properties of bone to minimize stress shielding, but also enhance bone ingrowth by promoting implant fixation, vascularization and flow of nutrients and waste [8, 10, 11] . There is no consensus about the optimum pore size in open cells to promote bone ingrowth and vascularization. Whereas some authors have stated that the pore size should be between 100 and 400 μm [12, 13] , others concluded that it should be around 600 μm [14] .
A current trend regarding materials development for implants is their surface modification to modulate the cell behavior and promote tissue regeneration and also to act as antibacterial agents [15, 16] . Recent works show the potential of Ti6Al4V composite coatings made of AgNPs (Ag nanoparticles) and HA, combined with additional compounds, to provide bacterial resistance and improved osteogenesis, due to the long-term release of Ag + , as well as rapid osteointegration [17, 18] . Similar outcomes regarding antibacterial activity, minimized cytotoxicity effects and osteoinductivity enhancement were also found when biofunctionalizing ZnO/polydopamine/arginine-glycine-aspartic acidcrysteine nanorod on Ti [19] and also when strontium and zinc oxides are doped into titania nanotubes in Ti-based materials [20] . These coatings can also incorporate drugs, as shown by a study where SLMfabricated Ti6Al4V is surface functionalized with phosphonic acid monolayers with Paracetamol [21] . Even in structures this strategy is being used, creating coatings inside these structured components. CpTi-collagen and TiTa-collagen biphasic scaffolds have been developed for tissue engineering, using selective laser melting and type I collagen infiltration [22] to provide bone-like mechanical properties, while having the potential to support cartilage growth. To improve fixation of implants, bioactive materials, including 45S5 Bioglass (chemical composition of 45 wt% is SiO 2 , 24.5 wt% Na 2 O, 24.5 wt% CaO and 6 wt% P 2 O 5 [23] [24] [25] ) are intended to interact with the biological environment [26] . Once bioglasses are similar to the natural apatites of bone and are reactive materials, they are able to bind to the surrounding bone tissue and promote osteointegration [27] . In more detail, these bioactive materials react with biological fluids and form a biologically active carbonated hydroxycarbonate apatite layer [28] [29] [30] . This layer, in turn, allows the attachment, proliferation and differentiation of osteoprogenitor cells that will consequently lead to calcium phosphates and collagen mineralization on the material's surface [25, 30] . Despite these osteogenic properties, 45S5 bioglass sintering process has to be particularly cautious, once 45S5 crystallization occurs at temperatures between 550°C and 610°C but fully densification is achieved at 1000°C [24, 28, 31] . Moreover, bioactive glasses are brittle which limit their use to non-loading applications [32] .
To expand the use of BAG to load-bearing applications and improve osteointegration of metallic implants, coatings of bioactive glass on metals are usually performed. These coatings not only enhance the kinetics of bone formation but also the stability of the materials [14, 33] . Despite the improvement of bone bonding and consequent osteointegration, bond sites between coating and implant have irregular geometries that can act as stress concentrations, referred as notch effects [5] . Another undesired outcome raised from implantation of coated materials is the detachment of the bioactive layer because of the strength required to place the implant in the human body [34] . Drnovšek et al. studied the effect of a porous titanium layer on Ti6Al4V implant, impregnated with bioactive glass powder, on osteointegration in vivo. Within ten weeks of implantation, the bioactive glass was completely resorbed and substituted with well attached newly formed bone, which overgrew the entire thickness of the porous structure [32] . Besides the bioactive properties, incorporation of BAG increases the macro-hardness of the multi-material design, and thus the wear resistance. This result was stated previously, where nanostructures of Ti-45S5 BAG composites showed an increase of Vickers Hardness compared to the pure microcrystalline Ti metal [35] .
The attempt to replicate the host bone in orthopedic implants is hard, since bone composition and properties are specific for each person. The need for customization presents some complexity, namely concerning the design and manufacture of bone scaffolds [8] . Compared with conventional methods like casting, machining and hot forging, powder metallurgy is able to produce constructs with higher precision and better surface finishing [36] [37] [38] . Metal additive manufacturing (AM) or mostly known metal 3D printing, include some powder based technologies like powder bed fusion (PBF) technology [39, 40] . These new techniques allow the fabrication of customized 3D scaffolds with controlled geometric shapes, since it can be coupled with computer aided design (CAD) model based on computed tomography or magnetic resonance imaging 3D data [8, 10, 41] . Besides the design freedom, this technology reduces considerably the amount of waste material and use of resources, produces with faster rates and uses less energy intensiveness [40, 42, 43] .
Selective Laser Melting (SLM) is a PBF technique which has been used to produce 3D titanium-based materials targeting biomedical applications by fabricating components in a cyclic process [44] [45] [46] . The components are fabricated layer-by-layer using a laser source to melt powder beds [47] . As a layer-wise technique, SLM versatility allows the production of customized products with complex geometries such as titanium cellular structures [48, 49] .
Although the rapid heating-cooling cycles of laser scan, higher laser powers are related with more thermal energy accumulated at the top surface which, in turn, results in higher temperature gradient when producing Ti6Al4V parts by SLM [50] . In this sense, bioceramic parts cannot be produced by Direct AM techniques, once bioactivity is limited when using higher sintering temperatures [51, 52] . Furthermore, the absence of commercial equipments available to fabricate metallic and bioceramics multi-materials and the difficulty of the process strategy justify the combination of two fabrication techniques.
In the present study, multi-materials structures of Ti6Al4V were produced by SLM followed by impregnation of 45S5 BAG, for load bearing applications, like hip replacements. The constructs design was physically validated by surface characterization techniques and biologically validated by cell cytotoxicity and proliferation assessments.
Materials and methods
Cellular structures production
A 6 mm diameter rod of Ti6Al4V alloy was purchased from Titanium Products (United Kingdom). The titanium rod was cut in order to obtain discs with, approximately, 3 mm in height. Then, the discs were sandblasted for 30 s using spherical alumina particles with a granulometric range between 106 and 150 μm. These commercial samples were subjected to a surface treatment to achieve a moderately rough sandblasted and acid-etched (SLA) surface (2-4 μm (Ra)), which are the material conditions commonly used in today's hip implants [53, 54] . After sandblasted, the samples were acid etched with the following solution: 32% HCL, 96% H 2 O 4 and H 2 O (2,1,1) . The acid etching was performed at 65 ± 3°C for 5 min, followed by isopropanol cleaning, also during 5 min. This group of samples was categorized as S1.
Cellular structures made of Ti6Al4V (SLM Solutions GmbH, Germany), were produced by SLM (SLM Solutions, model 125 HL), and named S2. The fabrication parameters of the laser were 90 W, scan speed of 600 mm/s, spacing of 70 μm, and a layer thickness of 30 μm. These parameters were based in previous studies that already described the optimum processing parameters for Ti6Al4V structures [55, 56] . Metallic scaffolds were printed with a pore size of 450 μm and a wall thickness of 300 μm, and the pores are interconnected in all directions (vertically and horizontally), as can be seen in the schematic representation of Table 1 .
After printing the cellular structures, these were impregnated with two different weight percentages of BAG, purchased from mosci Corporation, thus obtaining two types of samples: S3 and S4. Each one of these impregnated samples (S3 and S4) was weighted before and after the impregnation process. The ratio between the mass of bioactive (difference between the sample weight after and before the impregnation) and the final weight of the sample (with bioactive) was calculated and named "bioactive percentage".
The first set of samples (group S3) was positioned inside an ultrasonic equipment and immersed in a BAG powder and acetone solution 15% (w/v). After being heated, until evaporation of acetone, they were sintered in a tubular furnace at 600°C for 2 h, under high vacuum, with a heating and cooling rate of 5°C/min. The bioactive percentage of S3 group was of 2.05 wt%.
The second impregnation method was comprised of a Press and Sintering technique. The cellular structures were placed inside a steel mold and then immersed in a viscous solution of BAG powder and acetone 83% (w/v). Hydraulic pressure was applied for 10 min in order to impregnate all open cells and then sintering was performed. The specimens were sintered in a tubular furnace at 600°C for 2 h, under high vacuum, with a heating and cooling rate of 5°C/min. This last group of samples was denominated S4, where the bioactive percentage was equal to 2.50 wt%.
In addition to the "bioactive percentage", an "impregnation ratio" was calculated by dividing the weighted mass of bioactive inside the structures by the mass of bioactive that would totally fill the pores of the structures. In this sense, the impregnation ratio on impregnated samples was 37.34 and 47.29%, for S3 and S4, respectively.
Finally, all the produced samples, displayed in Table 1 , were polished, until achieving similar surface conditions, with abrasive silicon carbide papers starting with P120 up to P4000. After polishing, they were ultrasonically cleaned during 10 min using isopropanol.
Scaffolds characterization
X-ray diffraction (XRD) analysis were performed for the commercial Ti6Al4V (S1), Ti6Al4V-based cellular structures fabricated by SLM (S2) and Ti6Al4V cellular structures impregnated with BAG (S3 and S4), using Bruker AXS D8 Discover equipment, with a 2Ɵ from 10 to 80°w ith a step size of 0.02 at 1 s per step. These XRDs allowed to assess the condition of BAG on the impregnated samples, after being sintered at 500°C, 550°C and 600°C. The produced scaffolds, unreinforced and BAG-impregnated, were analyzed using Scanning Electron Microscopy (SEM) using NanoSEM -FEI Nova 200 (FEG/SEM) equipment.
Surface roughness
The roughness was measured five times in each specimen using a contact profilometer (Surftest SJ 201, Mitutoyo, Tokyo, Japan) using λ c = 0.8 μm, λ s = 2.5 μm, and 0.25 mm/s. The parameters were selected according to the International Organization for Standardization number 4287, from 1997 [57] . For the scaffolds, the profilometer ran the samples along the metallic walls. The measured surface roughness parameters were the average roughness (Ra), the peak-to-valley roughness (Rz) and the root-mean-square roughness of the departures of the profile from the mean line (Rq).
Wettability
Contact angle measurement was used to determine wettability properties of the metallic scaffolds, by the sessile drop technique using the contact angle system OCA 15 plus (Dataphysics). Five droplets of water or phosphate-buffered saline (PBS) were measured for each group sample and the average was taken for each result.
Cytotoxicity assessment
The short-term cytotoxicity of the produced scaffolds was performed as previously described [58] [59] [60] [61] , in triplicate. The scaffolds were placed in minimum essential medium (MEM) and extracted after 24 h, 7, 14, 21 and 28 days. In all tests, material weight-to-extract fluid rate was constant (0.2 g/mL) and after each time point the extracts were filtered through a 0.45 mm pore-size filter.
Cell culture
Rat lung fibroblasts-L929 cell line from European Collection of Cell Cultures were seeded in a 24-well plate (n = 3, 5 × 10 3 cells/well) and then cultured at 37°C in a humidified atmosphere with 5% CO 2 , for 24 h in Dulbecco's modified Eagle's medium (DMEM) culture medium (Dulbecco's modified Eagle's medium) (Sigma). This media was supplemented with 10% fetal bovine serum (FBS) (Gibco, Barcelona, Spain) and 1% antibiotic-antimycotic mixture (Sigma).
MEM extraction test
Twenty-four hours after cell seeding, the culture medium was removed from the wells and replaced by the MEM extraction fluid. The L929 cultures were then incubated for 72 h at 37°C in a humidified atmosphere with 5% CO 2 . Live cells were stained with calcein-AM (1 mg/mL; Molecular Probes, Eugene, OR) and nonviable cells with propidium iodide (0.1 mg/mL; Molecular Probes). After incubation for 15 min at 37°C in a humidified atmosphere with 5% CO 2 , cultures were observed under a fluorescence microscope, with an excitation wavelength of 490 nm (BX-61; Olympus, Hamburg, Germany). Latex extracts were used as positive controls for cell death, whereas standard culture medium was used as negative control. Besides images analysis, the effect of scaffolds leachables on the medium pH was assessed in each group medium by inoLab pH 720 (WTW, Germany).
Direct contact assay
Cell attachment and proliferation can be assessed by direct contact assay in order to evaluate the in vitro biocompatibility of the scaffolds. Human Mesenchymal Stem Cells (hMSCs) derived from human bone marrow (Lonza, Switzerland) were cultured as monolayers in Alpha minimum essential medium (α-MEM). This medium was supplemented with 10% FBS and 1% antibiotic-antimycotic mixture, in sterile T175 tissue culture flasks.
Cell seeding was performed as previously described [62] . Briefly, the P6 hMSCs were trypsinized, centrifuged and resuspended in α-MEM medium. Subsequently, 50 μL of medium containing 1 × 10 5 cells
were seeded on top of the scaffold. One hour after cell seeding, 750 μL of culture medium was added to each well and cell-scaffold were incubated for 3 and 7 days in a humidified atmosphere at 37°C, containing 5% CO 2 , with medium changes every 3 days.
2.6.1. Cell distribution, morphology and proliferation After 3 and 7 days of culture, the distribution and morphology of the hMSCs were evaluated using phalloidin/DAPI staining [63] . Phalloidin labells cytoskeleton (red) whereas the nucleus is stained with DAPI (4′,6-diamidino-2-phenylindole) (blue). After cells fixation with paraformaldehyde (PFA) 4% for 30 min at room temperature, the cellscaffold structure was washed and sliced. Both the top and the sliced scaffold structures were incubated with 0.1 μg/mL of phalloidin (Sigma) and 1 μg/mL of DAPI (Sigma) during 30 min. Finally, scaffolds were washed with PBS and observed under a confocal microscope (Fluoview FV 1000; Olympus, Hamburg, Germany).
Statistical analysis
In order to investigate surface roughness differences between groups, one-way ANOVA with post hoc Bonferroni's multiple comparison test was performed.
Wettability differences between groups and between both solutions (water and PBS) were assessed by performing a two-way ANOVA with post hoc Bonferroni's multiple comparison test.
In order to investigate cytotoxicity differences between groups for each timepoint, the non-parametric Mann-Whitney test was performed.
Statistical significance was defined for p b 0.05 and GraphPad Prism v6 from GraphPad Software, California, USA was used for all the statistical analysis performed.
Results and discussion
Scaffolds characterization
Top surfaces of samples from each group (S1-S4) were analyzed by SEM (Fig. 1) . S1 group represents the commercial solution used in hip implants and presents a sandblasted and acid-etched (SLA) topography. SLM as-fabricated samples (S2) micrograph (Fig. 1) shows the produced structure made from the CAD file. Moreover, these parts have high density since no significant surface porosity is detected. SEM images of the impregnated samples (S3 and S4) show that higher impregnation ratio is correlated with less free space inside the holes. Moreover, the impregnation process assures the mechanical interlocking between both materials, preventing the bioceramic's detachment. Fig. 2 shows the X-ray diffractograms of the commercial Ti6Al4V, Ti6Al4V cellular structures fabricated by SLM and Ti6Al4V cellular structures impregnated with BAG, at different sintering temperatures. Ti6Al4V is a typical two phases α + β titanium alloy [64] . In Fig. 2 both phases are present in the commercial and SLM processed Ti6Al4V samples, being the main constituents of the SLM processing Ti6Al4V the martensitic phase. However, when processed by SLM, the phase β increased. This is due to the fast cooling rate of this additive manufacturing technique that does not allow the diffusion of V atoms in phase β and consequent transformation into phase α [65] . The Ti6Al4V cellular structures impregnated with BAG were analyzed by XRD, when sintered at four different sintering temperatures. Phase transformations of the glass powder may affect the sintering process due to nucleation and growth of crystalline phases [66] . Impregnated samples were found amorphous for sintering temperatures of 500°C and 550°C. In this study, the minimum temperature or achieving crystallinity was 600°C. According to literature, crystallization of the bioglass corresponds to the first densification step and to the formation of Na 2 CaS 2 O 6 , at 600°C [66, 67] . At 850°C another densification takes place, being possible to identify a second crystalline phase, Na 2 Ca 4 (PO 4 )SiO 4 , at 1000°C [66] .
Once the increase of crystallinity slightly decreases the kinetics of the bioactive reaction and compromises the mechanical properties, no superior temperature to 600°C should be used. Moreover, the precise control of Ti6Al4V samples impregnated with BAG by using vacuum atmosphere at 600°C does not alter the microstructure of Ti6Al4V and maintains the mechanical properties of the initial components. In order to preserve the bioactivity and assure the best mechanical properties, the sintering temperature of 600°C was chosen for further fabrication of impregnated samples.
Roughness
The surface properties of an implant are correlated with the cell behavior, since they affect the implant-cell interactions [68] . Among those properties, surface energy, which depends on surface charge, chemical composition and microstructural topography [69] , appears to be a dominant factor concerning cell adhesion and proliferation [68] . Nonetheless, roughness can modulate the activity of cells, by changing the production of growth factors and cytokines by the cells [70] .
The surface roughness values (Ra, Rz and Rq) acquired on the four groups are present on Table 2 and the statistical analysis of Ra in Fig. 3 .
According to literature, commercial samples of Ti6Al4V pre-treated with SLA display a roughness (Ra) of 1.96 ± 0.07 μm, with the presence of etching-induced round-shaped grooves [71] . Taboreli et al. [72] have referred that one of the possible factors that explain why acid etching may increase Ra is the hydrogen desorption, which in turn results in an increase of the subsurface hydrogen concentration and the formation of titanium hydride (TiH 2 ).
Ti6Al4V samples produced by SLM displayed a Ra of 19.75 ± 1.50 μm before polishing and after polishing (S2) this value decreased to 0.18 ± 0.04 μm. The roughness values (Ra) measured by other authors before and after polishing were 17.6 ± 3.7 μm and 0.437 ± 0.045 μm, respectively [73] . Although small differences between our results and the ones found in literature, SLM process results in imperfections on the surface of Ti6Al4V constructs (Fig. 4) . These imperfections will act as holes and, therefore, contribute to the roughness of the whole specimen. However, after impregnation, these imperfections will be filled with the bioactive material, decreasing, therefore, the roughness of the sample. As shown in Table 2 , the lowest roughness value was found for S3 samples with lower impregnation ratio (37.34%), however no significant differences were found between the roughness of samples from groups S3 and S4.
Regarding roughness, according to the statistical test, the SLMfabricated samples (S2, S3 and S4) are statistically different comparing to the commercial one (S1). Besides these differences, there are statistical differences between the impregnated samples (S3 and S4) when compared individually to the cellular structure without bioactive material (S2), validating the previous claim on the filling of these defects by the bioactive.
According to literature, S2, S3 and S4 present adequate topography since material's surface with Ra lower than 1 μm have been correlated with significant cell proliferation, independently of the wettability of the scaffold [68] .
Wettability analysis
Wettability was assessed in order to investigate the influence of surface charge on cell adhesion. Besides water contact angles, which were measured in order to be compared with the literature ones, PBS was also used as a representative of a biological fluid. The contact angles were measured in the moment when the drop touched the surface of each scaffold and, according to [74] , hydrophobicity corresponds to contact angles higher than 65°. The as produced Ti6Al4V SLM-fabricated constructs had a Ra of 19.75 ± 1.50 μm and water and PBS contact angles of 129.46 ± 5.0°a nd 120.78 ± 2.81°, respectively. Since hydrophilic surfaces are usually preferred rather than hydrophobic ones [75, 76] , all cellular structures (either impregnated or not) were polished. Both water and PBS contact angles of each scaffold group are present on Table 3 , and the statistical analysis of Ti6Al4V Cast group (S1) and the impregnated groups (S3 and S4) between water and PBS contact angles are represented in Fig. 5 .
Ti6Al4V cast (S1) is hydrophobic, and the difference between water and PBS contact angles is negligible. This value is close to that found on the study conducted by Chen et al. (Ɵ = 101°) for the same material [71] . It was stated above that the hydrogen desorption leads to the formation of TiH 2 and in Chen et al. study, a contact angle of 153 ± 3°and roughness value at the nanoscale (3.29 ± 0.18 μm) was evaluated using atomic force microscopy [77] . In another study, the presence of hydrogen in the subsurface of a SLA commercially pure titanium [72] was considered accountable for this material hydrophobic behavior (Ɵ = 117 ± 2.7°).
Ti6Al4V SLM-fabricated (S2) is super hydrophilic since it was not possible to determine the static contact angle, as can be seen in Fig. 6 . This super hydrophilicity is due, not only to the open cells, but also to the polished surface that allows the complete spreading of both water and PBS drops. Hydrophilic surfaces are usually preferred rather hydrophobic ones [76, 75] , since interaction between implant and tissues is enhanced. Both impregnated samples are hydrophilic with no statistically significant differences between groups (S3 vs S4), however each impregnated group shows statistically significant differences (p b 0.001) between water and PBS contact angles, being more hydrophilic when exposed to PBS (Fig. 5) . Water contact angles reported in the literature of dense discs of 45S5 Bioglass are included in the hydrophilic range (14 ± 3° [78] and 14 ± 3° [79] ). Since the impregnation of BAG fills the pores of the SLM-cellular structure, the lower impregnation ratio (37.34% for S3 as opposed to 47.29% for S4) results in more free spaces on the surface. Therefore, in spite of BAG hydrophilicity, the higher addition of BAG does not result in higher wettability because there are less free pores on the surface.
In fact, according to the Wenzel model [80] , when in contact with rough structures, the liquid drop is fully into contact with the solid's surface. In the S1 group, for which the contact angle is higher than 90°, the SLA produced roughness enhances repellence, while for the polished groups (S2, S3 and S4) it enhances the liquid spreading [80] . Moreover, in porous structures, the water will pass through the pores if the pressure is sufficient to disrupt the surface film across the openings [80] . The model described by Cassie-Baxter [81] includes the air pockets which may be trapped between the gaps and thus, besides roughness, porosity affects the surface wettability.
The interconnected pores of SLM-fabricated specimens (S2, S3 and S4) increase the liquid-solid contact area, and therefore the capillary forces [82] . When the capillary forces overcome the pressure forces promoted by the air trapped inside the pores, the capillary-pressure balance is disrupted which eliminates the air pocket pressure effect. Consequently, the water and PBS drops spread inside the whole structure which increase the wettability of the surface.
The tendency found in all the groups tested, for an increased wettability (lower contact angles) when using PBS, as compared to water, can be due to the adsorbed solute ions such as Na + and Cl − , that strongly influence the surface hydrophilicity and their ensuing osteoconductivity, as reported by some studies found in literature [83, 84] . Until today it remains unclear what is the optimal degree of hydrophilicity for best biological and clinical outcomes [85] . However, moderate hydrophilicity is usually preferred, once cell adhesion decreases as the wettability is further decreased [86] . Hydrophilicity enhances the surface reactivity with the surrounding ions, amino acids and proteins, which promotes the bone cells attachment and proliferation and consequently osseointegration [87] .
pH
Cells are surrounded by a microenvironment that can be affected by the degradation of the scaffold material [88] . Bioactive materials, as 45S5 Bioglass, when exposed to physiological solutions, start to biodegrade due to, among other processes, dissolution [89] . The dissolution of 45S5 Bioglass is accompanied by the release of Na + , Ca 2+ , Si products (presumably Si(OH) 4 ) into the external media [90] . This ion exchange with H + and H 3 O + causes a rapid and last longing alkalization which, in turn, activates a regulatory phenomenon (in particular the Na + /H + exchanger) that induces a shift in the internal pH to higher values [91] . Although the magnitude of change in the internal pH is smaller than that in the external pH, metabolism and functional effects in cells are observed [91] . Besides this phenomenon, the increase of pH has been previously shown to confer antibacterial effects [92] . In addition, bioactive glasses also contribute to the remineralization [92] . Monfoulet et al. studied the effect BAG, HA/TCP and coral ceramics constructs when in contact with hMSCs for different alkaline pH [90] . All constructs presented similar physical properties (topography, roughness and available surface for cell attachment) but the pH measured in cell-containing BAG constructs was more alkaline than that detected for the two other materials. Although hMSCs viability and proliferation was not affected until pH 8.85, both in vivo and in vitro, the osteogenic differentiation was inhibited (particularly the expression of osteoblastic markers, namely alkaline phosphatase (ALP) activity and gene expression of RUNX2, ALP, and BSP), for pH values above 7.9. Moreover, for pH between 7.9 and 8.27, hMSCs proliferation was not affected but the osteogenic differentiation was substantially inhibited [90] .
An optimal alkaline environment is beneficial for bone cells regarding the calcification, since at pH 7.35 collagen chains are crosslinked and consequently hyaluronic acid precipitates [93] . In another study, metabolic alkalosis (pH 7.6) decreased bone calcium efflux from bone by decreasing osteoclastic resorption and increasing osteoblastic formation [94] . In fact, voltage-activated calcium channels, located in osteoblasts membranes are inhibited by H + [95] , which rises the intracellular calcium. 45S5 BAG was exposed to osteoblasts and fibroblasts, in order to infer its effect regarding pH changes [91] . An increase in intra-and extracellular pH and consequent [Ca 2+ ] i in osteoblasts slightly hyperpolarized the plasma membrane, increased the lactate production, and hence ATP generation by osteoblasts. Both in osteoblasts and fibroblasts, BAG did not enhance proliferation or increased ALP activity but metabolic effects were much smaller in fibroblasts than in osteoblasts [91] . In our constructs, when the physiological fluid enters through the open cells, it may be stagnated with the dissolution products. The effect of the scaffolds leachables was measured as a change in the medium pH, after culture of 24 h and 7 days (Fig. 7) . Besides being the only group that presents a significant pH difference between both time points, S3 scaffolds contributed to the most alkaline medium. On the other hand, S2 has the lowest pH value. The lack of renewal of the medium inside the pores may increase the toxicity and this effect is highlighted for the lower impregnated samples (S3), compared to the higher impregnated ones (S4). Moreover, lower quantity of BAG is related with higher surface contact area with bioactive material which enhances the dissolution rate and consequently the pH of the medium.
Cell viability
The cytotoxicity assessment allows the analysis of toxic effect of the products released from the metallic scaffolds during the MEM extraction. 8 shows the highest levels of viability in the Ti6Al4V Cast samples (S1), in every time points. The statistical analysis between the four groups was conducted (using the non-parametric Mann-Whitney test), and no statistically significant differences were found among groups, for each time point. Overall, we can assume that all four groups were not releasing significant toxic substances in the culture medium which encouraged cells proliferation and attachment. However, the leachables from group S3 seem to promote the higher toxic effects on L929 cells. This toxic effect on group 3 is sustained and seems to increase over time. This effect does not happen on the other groups, were at 28 days there no cytotoxic effect observed. This result makes the scaffolds from S3 the less suitable for cell culture.
The cell attachment is influenced, among other factors, by the surface energy. This, in turn, depends on surface chemical composition, surface charge and microstructural topography [75] . Regarding the surface charge, adhesion on metals increases linearly with surface hydrophilicity and materials with higher surface energy have higher cellular adhesion [69] . Fig. 9 represents the staining of the cells on the surface (top of Fig. 9 ) and also through the scaffold (bottom of Fig. 9 ). S1 group shows a densely and well distributed group of cells on the surface. Fig. 9 . Fluorescence microscopy images of hMSC cultured for 7 days on Ti6Al4V Cast (S1), Ti6Al4V SLM structures (S2), Ti6Al4V SLM structures with a 2.05 wt% of BAG (S3) and with a 2.50 wt% of BAG (S4). hMSCs were stained with DAPI (nucleus at blue) and with phalloidin (actin cytoskeleton at red). Images on the top are from the surface and, cross section images are on the bottom. In the cellular structures without bioactive material (S2), actin cytoskeleton is stained around the pores but some cells are inside the pores, since they are also observed on the cross section images. Cells in S3 and S4 have a spindle-like shape and also triangular form, and are not so densely distributed. Comparing these last two groups, S4 shows an increase of the number of cells and DAPI stain is present on the BAG incorporation location.
Figs. 10 and 11 show the cell culture on each group sample. The Ti6Al4V Cast samples (S1) possess a moderately rough acid sandblasted and acid-etched (SLA) surface and, therefore, cells are well distributed. Cellular structures produced by SLM (S2) are rougher and cells protrusions are detected, which proves an adequate topography for cells culture. Regarding BAG impregnation, cells are flat and visible for both impregnation ratios. Taking into account the cross section images (Fig. 11 ), once again S2 shows cells protrusions, and thus the formation of extracellular matrix (ECM). Protrusions are not so detectable in S3 and S4 groups but, a carrier of cells is visible.
Conclusions
In the present study, Ti6Al4V cellular structures impregnated with 45S5 bioactive glass were designed and produced by using an Additive Manufacturing technique (SLM) combined with Press and Sintering. These multi-material structures present a novel multi-functionality approach for load bearing applications, like hip replacements, that assure no detachment of the bioactive material by using a mechanical interlocking between both materials. The impregnation process conducted on this study was validated, once the sintering temperature assured BAG's sintering while preserving its bioactivity.
The influence of the design on some of the physical and chemical interactions was assessed. The produced structures exhibited a hydrophilic behavior, once the interconnected pores of SLM-produced structures increase the liquid-solid contact area, which in turn, increase wettability. Regarding the impregnated samples, although no significant release of toxic substances to the culture medium occurred, the bioactive glass quantity on these structures had a direct influence on the medium pH which, in turn, had a great influence on the cellular viability. Based on the results of the cellular viability tests, higher impregnation ratios should be used on these structures in order to reduce the pH and obtain a moderate hydrophilicity and in this way assure an adequate environment for cell growth. Moreover, these structures can be useful drug carriers by adding anti-inflammatory, antibiotic, antimicrobial drugs to the bioactive materials.
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